The purpose of this study was to quantify how volitional control of hip torque relates to 26 walking function post-stroke. Volitional phasing of hip flexion and extension torques was 27 assessed using a load-cell-instrumented servomotor drive system in 11 chronic stroke subjects 28 and 5 age-matched controls. Hips were oscillated from approximately 40 degrees of hip flexion 29 to 10 degrees of hip extension at a frequency of 0.50 Hz during three movement conditions (hips 30 inphase (IP), 180 degrees out of phase (OP), and unilateral hip movement (UN)) while the knees 31 and ankles were held stationary. The magnitude and phasing of hip, knee, and ankle torques were 32 measured during each movement condition. Surface electromyography was measured throughout 33 the legs. Over ground gait analysis was done for all stroke subjects. During robotic assisted 34 movement conditions, the paretic limb produced peak hip torques when agonist hip musculature 35 was stretched instead of midway through the movement as seen in the non-paretic and control 36 limbs (p < 0.012). However, mean torque magnitudes of the paretic and non-paretic limbs were 37 not significantly different. Abnormalities of paretic hip torque phasing were more pronounced 38 during bilateral movement conditions and were associated with quadriceps over-activity. The 39 magnitude of flexion torque produced during maximal hip extension was correlated with the 40 Fugl Meyer Score, self-selected walking speed, and maximal hip extension during over ground 41 walking. These results suggest that hyperexcitable stretch reflexes in the paretic limb impair 42 coordinated hip torque phasing and likely interfere with walking function post stroke.
Introduction
to exacerbate motor impairments during pedaling (Kautz and Patten 2005; Kautz et al. 2006 ) and 93 in response to postural perturbations . 94 Understanding the nature of alterations in bilateral hip control and the relationship with reliant on hip control in the paretic limb to the extent that an orthosis is frequently placed at the 100 ankle to limit its negative contribution to gait. Given the relative importance of hip sensory Study participants were assisted onto a therapy plinth and asked to lie supine with their 144 legs secured in customized braces (Fig. 1a ). Two servomotor systems (Kollmorgen, 145 Northampton, MA) adjacent to the participant's hips were used to generate leg oscillations about 146 the hip joint. Participants were fitted within the device by aligning the head of the greater 147 trochanter with the axis of rotation of the servomotors. The participants' legs were supported 148 within the leg braces using a strap securing the thigh, a strap around the heel, and a clamp over 149 the dorsum of the foot to secure it to a plate at the end of the leg brace. The approximate 150 anatomical joint axes of rotation for the knees and ankles, determined by palpation, were aligned 151 with the center axis of torque transducers (S. Himmelstein and Company, Hoffman Estates, IL) 152 integrated within the leg braces. Sagittal plane torques were measured bilaterally for the hip, 153 knee and ankle joints, and right and left hip positions were monitored using optical encoders (US 154 Digital, Vancouver, WA) affixed to the servomotor systems. Surface electromyograms (EMGs) 155 were measured bilaterally using Ag/AgCl electrodes placed over the muscle belly of the 156 following muscles: vastus medialis (VM), rectus femorus (RF), vastus lateralis (VL), medial Experimental protocol 167 Sinusoidal hip oscillations were imposed to the legs of study participants while they lay 168 supine in the test apparatus. Hip coordination was evaluated using three different sinusoidal hip . Participants were asked to either assist ("active") the imposed hip oscillations or to 182 remain relaxed ("passive"). Age-matched control participants were asked to complete the same 183 protocol. Three trials were performed for each movement condition (OP, IP and UN) and level 184 of participation (active and passive) in random order using a block design.
185
At the completion of the experiment, two additional hip perturbations were done to assess The torque measurements recorded during the hip oscillations were corrected for the 197 biomechanical properties of the legs and leg braces to obtain the joint torque associated with 198 muscle activation. Gravitational and inertial torques were estimated for each subject using the 199 method described by Onushko and Schmit (2007) . Briefly, gravitational torque was 200 approximated for each segment by first calculating the mean torque from the pause period during 201 the slow incremental hip movements, and then fitting a third-order polynomial to the mean 202 torque. The polynomial coefficients were then used to estimate the gravitational torque about 203 each joint during the experimental hip movements (i.e. IP, OP, and UN). To account for the 204 inertial properties of the leg and leg brace, an inertial constant was calculated for each segment 205 (i.e. thigh, shank, and foot) using the torque recorded during the rapid hip oscillations (first 206 subtracting the gravitational torque). The inertial torque was the product of the inertial constant 207 and the trial acceleration. The estimated gravitational and inertial torques were subtracted from 208 the experimental torque data for each joint. In addition, a mechanical artifact was present within 209 the recorded torque measurement that was not associated with the gravitational or inertial 210 properties of the legs. The mechanical artifact has been attributed to flexion of the brace itself, 211 resulting in energy storage and release that produces an artifact in the recorded torque 212 measurements. To account for the artifact, an ensemble average of torque recordings from 213 neurologically intact participants during the passive hip oscillations (with an absence of EMG) 214 was used to approximate the artifact, which was then subtracted from the experimental torque 215 measurements.
216
Surface EMG signals were band-pass filtered (10-350 Hz) to remove baseline drift and 217 possible high frequency noise and notched filtered (59-61 Hz) to remove line noise using fourth-218 order Butterworth filters off-line. The root-mean square (RMS) of the EMG signals were then 219 calculated using a 100-ms sliding window. RMS EMG was used for all analyses. EMG activity 220 was considered to be present if the signal magnitude exceeded three times the standard deviation 221 of baseline activity recorded during a trial with no movement.
222
A phase analysis was performed to examine the timing of the peak torque generated 223 during the hip oscillations. The circular statistics methods outlined by (Batschelet 1981) were 224 used for this analysis and the details have been previously described (Onushko and Schmit of the x and y components were calculated. The mean coordinates were then converted back to 233 polar form yielding a mean φ and a mean r. Note that if every cycle had exactly the same phase 234 angle, the resulting r value would be 1. If the φ's were randomly distributed, the resulting r 235 value would be close to 0. Rayleigh's test for directedness was performed on the data to 236 determine whether the torque responses demonstrated a significant phasing, based on the r value 237 (α = 0.05). The Watson-Williams Test was done to identify significant differences (α = 0.05) 238 between the mean phasing (φ) among the various movement types (OP, IP and UN). A
239
Bonferroni correction was used for multiple comparisons (α = 0.05/number of comparisons).
240
To characterize the magnitude of the abnormal phasing of the hip torque, the difference 241 in the torque at maximum hip extension (ΔTHE) between the non-paretic and paretic limb was 242 calculated. The rationale for this measurement was that abnormal control of hip torque could 243 increase hip flexion torque in late stance (i.e. when the hip is extended), thereby limiting hip 244 extension during gait. Torque was determined from each cycle of movement at peak hip 245 extension and averaged across trials for the paretic and non-paretic limbs. The magnitude of the 246 hip torque produced at maximum hip extension (10 • ) of the non-paretic limb was subtracted from 247 the paretic limb torque at maximum hip extension to obtain ΔTHE. ΔTHE was then used for 248 comparison with gait kinematics from the second experimental session.
249
The peak flexion and extension torque magnitudes for each joint were calculated in order 
Results

304
Clinical assessment of motor function in stroke subjects 305 Stroke subjects (n=11) had a mean ± SD lower extremity Fugl-Meyer score of 25 ± 5 out 306 of a total possible score of 34. The minimum score was 19/34 and the maximum score was 307 31/34. The average comfortable walking (Ten meter Walk Test) speed for the stroke subjects Phasing of hip and knee torque during oscillatory hip movements 311 The timing of peak hip and knee torque during imposed cyclical hip movements with and 312 without subject assistance was different between the paretic and non-paretic limbs of the 11 313 chronic stroke subjects and between the paretic limb and the 5 age-matched controls. Example 314 data from one stroke subject and one control subject during an active-assist OP trial are shown in 315 Figure 2 . In general, stroke subjects produced peak hip flexion torque near the maximum hip 316 extension position (~10º) and peak hip extension torque when the hip reached full flexion (~40º) 317 ( Fig. 3 , top panels). This finding is consistent with a stretch reflex response of hip musculature.
318
In contrast, the non-paretic and control limb peak hip flexion and extension torques were 319 typically generated approximately midway through the hip movements (see control example, 
327
In the group comparisons, the paretic limb peak hip flexion and extension torque was 328 significantly phase advanced as compared with the phasing of the non-paretic and control limb 329 (Watson Williams, p = 0.012, compare dashed to solid lines, Fig 4) . During the OP and IP active 330 trials, peak hip flexion torque occurred at the hip extended position (10º of hip extension), while 331 peak hip extension torque was phased when the hip was maximally flexed (40º of hip flexion).
332
This represents an approximate 90º phase advance relative to the peak torque produced from the 333 non-paretic and control limbs. Although the paretic limb hip torque was phase advanced, peak 334 hip flexion torque during the UN active task was less phase advanced compared to the bilateral 335 hip movement conditions (Watson Williams, p = 0.012, see Fig 4) . 336 Peak knee torque was produced out of phase with the hip movement in most cases, 337 including the paretic limb (6 of 11 stroke subjects) and all non-paretic and control limbs. In 338 other words, peak knee flexion torque occurred while the hip was extending and vice versa. As 339 seen with the hip torque phasing for the controls and non-paretic limb, peak knee torque was 340 generated during the movement (see lower panel, Fig. 4 ). In the remainder of cases for the 341 paretic limb (5 of 11 stroke subjects), knee flexion torque was generated during hip flexion and 342 knee extension torque with the hip extending. This pattern of knee torque can be explained as 343 the initiation of a flexor or extensor joint coupling response (i.e. flexor or extensor synergy).
344
The discrepancy in the pattern of knee torque phasing of the paretic limb explains why the vector 345 magnitudes for the group data were small for all movement conditions ( Fig. 4 bottom panel) . 346 Phasing of the non-paretic and control limbs was not significantly different for the hip or knee 347 torques across movement conditions (Watson Williams, Bonferroni Correction, p = 0.012).
348
Torque magnitude 349 The peak hip and knee flexion and extension torques were not significantly different 350 between the paretic and non-paretic limbs for any movement condition during the active assist 
Correlations of hip torque phasing with clinical measurements and gait kinematics 393
To assess the relationship between improperly timed hip flexion torque and leg function,
394
ΔTHE was correlated with the Fugl-Meyer score, self-selected walking pace, and kinematic 395 variables associated with the hip during over ground walking (Fig. 8) . Negative correlations 396 between ΔTHE and Fugl-Meyer scores (p < 0.05, r 2 = 0.77) demonstrated that abnormal hip 397 torque production was associated with a decreased ability to move in and out of lower extremity 398 synergy patterns (i.e. less individuation of movement). A slower self selected walking speed was 399 correlated with a larger ΔTHE (p < 0.05, r 2 = 0.42, Fig. 8b ). Analysis of kinematic variables 400 showed that subjects with larger ΔTHEs also had a greater hip flexion angle at the end of stance 401 (p < 0.05, r 2 = 0.47, Fig. 8c ). During normal gait, heel rise is associated with the continuation of 402 hip extension, and stroke subjects with smaller ΔTHE values demonstrated higher hip extension 403 velocity at heel rise (p= 0.05, r 2 = 0.38, Fig. 8d ).
405
Discussion 406 In this study, we showed that when stroke subjects attempt isolated hip movements, they weakness of the paretic limb as the peak magnitude of the torque production between the paretic 413 and non-paretic limb was not significantly different for any of the movement conditions. These 414 findings are clinically significant, as we demonstrated a relationship between the inability to 415 properly phase hip torque during robot tests with kinematic abnormalities during walking and 416 self-selected walking speed.
417
Abnormal stretch related responses and volitional movements post stroke 418 The timing of peak torque, quality of quadriceps EMG activity, and the effect of bilateral 419 movements strongly suggest that abnormal stretch related responses heavily influence motor 420 output during volitional movement in chronic stroke. We showed that in the paretic limb, peak 421 hip torques were observed when muscles were at their greatest length. That is, peak hip flexion 422 torque occurred at maximum hip extension and peak hip extension torque occurred at maximum 423 hip flexion, corresponding to maximum stretch of the muscles. The differences in the pattern of phased approximately midway through the movement (Fig. 4) . This strategy reflects the 432 development of torque to move the limb through a trajectory, followed by a reduction in torque 433 as the limb approaches the endpoint. In this way, the limb musculature is not resisting joint 434 movement in the opposite direction and the length-tension relationship of the muscle is 435 optimized.
436
Other impairments that could account for altered hip torque responses seen in this study 437 that would interfere with volitional movements include weakness and decreased individuation of 438 joint movements. For example, weakness has been described not only as delay of peak torque where subjects could self select the magnitude of torque. Because no significant difference was 447 found between the paretic and non-paretic peak torques this implies that weakness may not be 448 the only cause for abnormal joint torque phasing; however there was considerable variability in 449 the data set and weakness cannot be completely ruled out. 
